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Abstract 
Lung cancer is the most common cause of cancer related death among both men and women.  
Radiation therapy is the most widely used treatment for this disease.  Motion compensation for 
tumor movement is often clinically important and biomechanics-based motion models may 
provide the most robust method as they are based on the physics of motion.  In this study, we 
aim to develop a patient specific biomechanical model that predicts the deformation field of 
the diaphragm muscle during respiration.  The first part of the project involved developing an 
accurate and adaptable micro-to-macro mechanical approach for skeletal muscle tissue 
modelling for application in a FE solver.  The next objective was to develop the FE-based 
mechanical model of the diaphragm muscle based on patient specific 4D-CT data.  The model 
shows adaptability to pathologies and may have the potential to be incorporated into respiratory 
models for the aid in treatment and diagnosis of diseases. 
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Chapter 1  
1 « Introduction » 
 
1.1 « Background and Motivation » 
The diaphragm muscle is a fundamental organ which helps pumping air in and out of the 
lungs and ultimately allows for sufficient oxygen exchange into the blood stream.  
Respiratory motion is a complex phenomenon driven majorly by diaphragm muscle 
contraction in conjunction with the intercostal muscles contraction.  It is expected that 
biomechanical modelling of the diaphragm muscle will be a useful tool for understanding 
the physiology of the respiratory system and the diagnosis and treatment of related 
diseases.  Among others, lung cancer has not only proven to be the deadliest respiratory 
disease but also the deadliest cancer type.  According to the American Cancer Society about 
14% of all new cancers are lung cancers.  It is by far the leading cause of death, more 
people die of lung cancer than colon, breast, and prostate cancers combined.  A highly 
common treatment technique for lung cancer involves external beam radiation therapy 
(EBRT), which aims a radiation beam at the lung tumour in an attempt to destroy the 
cancerous cells in the tumour.  A serious issue with this technique is that tumour motion is 
generally clinically significant1 and without accurate tumour motion tracking during 
breathing, healthy tissue is irradiated along with the tumor tissue, which could 
consequently severely degrade the effectiveness of the treatment.  When tumour motion is 
deemed clinically significant the methods used to compensate for this motion include 
motion encompassing methods, respiratory gating, breath-hold techniques, and real-time 
tumour tracking.  Motion encompassing methods irradiate a large volume of tissue 
compared to the tumour volume, which can significantly damage healthy tissue.  
Respiratory gating involves irradiation during only a specific portion of the breathing cycle, 
this serves to minimize healthy tissue damage, however, it also leads to extended treatments 
times.  Breath-hold techniques attempt to immobilize tumour motion to facilitate tumour 
irradiation, however, most lung cancer patients experience weakened pulmonary function 
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and this technique may not be feasible.  Real-time tracking methods involve dynamically 
adjusting the radiation beam to follow the tumour’s position.  If idealized, real-time 
tracking methods could provide the most efficient method for treatment, although in its 
current state, accurate tumour motion/deformation prediction in real time remains an issue.  
Direct tracking methods include X-ray fluoroscopy or the implant of a miniature RF coil, 
both of which having their associated risks due to additional imaging radiation and 
invasiveness, respectively.  Indirect tracking methods include correlating internal and 
external organ motions, often using chest motion data as the external signal to determine 
internal organ motion.  Internal organ motion can be predicted based on image 
segmentation/association or biomechanical respiratory modelling.  As our physiological 
understandings and computational techniques improve, the latter may provide more 
accuracy2,3,4.  A major component of a biomechanical model of the respiratory system is 
the lung-diaphragm boundary conditions.  Most have taken the approach of image 
registration to determine the deformations of the lower boundary of the lung through non-
rigid registration techniques.  Unfortunately, because of lack of sufficient CT image 
contrast and the diaphragm’s large deformation, non-rigid registration techniques can lead 
to inaccuracies in predicted deformation fields.  The focus of this thesis is developing a 
patient specific biomechanical model of the diaphragm in order to predict its deformation 
field during respiration.  This research also serves to provide insight into muscle tissue 
modelling, the mechanical effects of pathologies, and to predict the contraction forces of 
the diaphragm muscle. 
1.2 « Anatomy, Microstructure, Physiology, and Pathology » 
The diaphragm is a musculotendinous sheet that lies directly beneath the lungs with two 
major lobes that serve to expand the lung during contraction. Among healthy humans, the 
muscle thickness tends to vary between 4-5 mm in thickness5.  The inferior borders of the 
diaphragm attach tendonously to the lower ribs, lower lumbar vertebrae, arcuate ligaments, 
and the sternal xiphoid process.  During respiration, the diaphragm muscle contracts in 
conjunction with the surrounding intercostal muscles, which serve to expand the rib cage.  
Found almost directly in the center of the diaphragm, but positioned slightly posteriorly, 
the tree foil shaped central tendon of the muscle can be found.  Average measures among 
3 
 
adult humans predict a tendon with an area of approximately 143 centimetres squared6,7,5.  
The diaphragm has two domes that are essentially innervated separately each by a phrenic 
nerve8,9.  The right dome is generally superior to the left due to the presence of the liver 
and heart.  The larger right lobe of the liver lies beneath the right hemi diaphragm dome 
and the heart is positioned above the left dome10. The diaphragm’s muscle is a high 
endurance skeletal muscle, and compared to most skeletal muscles, it differs slightly such 
that it favours more slow twitch muscle fiber with a distribution of ~60% slow and 40% 
fast twitch fibers11,12.  The muscle fibers of the diaphragm emerge from their peripheral 
attachments and attach to the central tendon, which generates essentially a radial pattern 
along the curved surface of the muscle13.  Figure 1-1(a) shows a cadaveric specimen of a 
human diaphragm which demonstrates the muscle fibers and their configuration.  Skeletal 
muscle is comprised of multiple bundles of muscle fiber cells which contain myofibrils.  
Myofibers are made up of repeating units of sarcomeres where actin and myosin filaments 
are attached to structurally important Z-disks that are oriented perpendicular to the fiber 
direction.  The muscle fibers are the contractile units of muscle, as they contract, Z-disks 
move closer together.  Muscle tissue is majorly comprised of these myofiber bundles found 
within a sarcolemma sheath which provides further structural support.  Figure 1-1(b) shows 
an electron micrograph of skeletal muscle tissue where myofibers and Z-disks are apparent.  
Mitochondrion, collagen, and fat are also present both inside muscle cells and in the 
extracellular matrix known as intra and extra myocellular.  The volume percentages of each 
of these components varies from person to person depending mainly on their exercise level, 
age, and any underlying pathologies14,15,16,17,18.  Pathologies can affect muscle functionality 
through both microstructural changes as well as neurological function, essential for 
activation.  Fibromyalgia is one such disease that has been found to effect the 
microstructure of skeletal muscles, including reports of reduced collagen content, increased 
lipid droplets, and altered mitochondrial density19,20.  Muscle spasticity also negatively 
effect muscle both functionally and structurally21.  On the other hand, unilateral paralysis, 
which often occurs in conjunction with lung tumours, is a result of loss of phrenic nerve 
signaling leading to partial or no contraction in one of the hemi diaphragm domes.  The 
progression of the disease is marked by ballooning of the affected hemi diaphragm into the 
lung and difficulty breathing22,23,23. 
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Figure 1-1 (a) a cadaveric diaphragm muscle showing muscle fiber arrangement6, and (b) 
a skeletal muscle tissue electron micrograph with myofibrils oriented horizontally and 
vertical Z-disks structures24. (a) and (b) reproduced with permission. 
 
1.3 « Theory » 
1.3.1 Elasticity and Hyperelasticity 
The Elastic theory is specific towards the deformation of elastic materials.  It relates 
externally applied forces to the material to its deformations according to its mechanical 
properties.  Elastic materials return to their initial shape and size after removing forces that 
cause the material to deform.  In its simplest form, materials are described as linearly 
elastic, which describes the relationship between the stress and strain.  This relationship is 
known as Hooke’s law which can be stated in the form of stress (σ) strain (): 
𝜎 = E 
Hyperelastic models are constitutive models developed such that the stress-strain 
relationship is derived from the strain energy density function.  The main reason for their 
development is that linear elastic models do not accurately describe observed material 
mechanics, especially when large deformations are involved.  Hyperelasticity provides a 
means of modelling the stress-strain relationship of materials that can be defined as non-
linearly elastic, isotropic, and generally independent of strain rate.  The two major sources 
of nonlinearity arise from the intrinsic mechanical properties of constituents and geometric 
nonlinearity; which pertains to a change in material stiffness due to a change in its 
(b) (a) 
(2) 
(1) 
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geometry.  Several hyperelastic models have been introduced to model various materials 
including biological tissues. For the purpose of this thesis, Neo-Hookean and Yeoh models 
are considered for incompressible materials.  The hyperelastic model for a three-
dimensional incompressible neo-Hookean material has a strain energy density function that 
follows: 
𝑊 = 𝐶₁ (𝐼₁ − 3) 
where C1 is a material constant and I1 is the first invariant of the Cauchy-Green deformation 
tensor such that 
𝐼₁ = 𝜆₁2  + 𝜆₂2 + 𝜆₃2  
𝞴i’s are the principle stretches.  The Yeoh model has been widely used for the modelling 
of soft tissues of the human body25,26, which are known to be nearly incompressible and 
nonlinear elastic.  The Yeoh model is another commonly used model which includes 3 
terms as follows:  
∑ 𝐶𝑖
3
𝑖=1
(𝐼₁ − 3)𝑖 
Where the Ci’s are material constants often referred to as hyperelastic parameters.  Another 
hyperelastic model that is used in this research is the Ogden model which follows: 
∑(
µ𝑖
𝛼𝑖
𝑁
𝑖=1
(𝜆𝟏
𝛼𝑖  + 𝜆𝟐
𝛼𝑖 + 𝜆𝟑
𝛼𝑖 − 3)) 
 
where 𝛼𝑖 and µ𝑖 are hyperelastic coefficients, and 𝜆𝑖’s are the principle stretches.  Again, 
this model is widely used to model biological tissue, including human tissue27,28,29.  
Hyperelastic parameters for such models are determined based on stress-strain 
experimental data. 
(3) 
(4) 
(5) 
(2) 
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1.3.2 Image Segmentation 
Image segmentation is a major component for developing and validating the proposed 
diaphragm biomechanical model.  In order to attain the patient specific model’s geometry, 
the diaphragm is segmented based on a previously developed fully automatic segmentation 
method for the human diaphragm in non-contrast CT images30.  The technique is capable 
of segmenting the whole diaphragm using conventional CT images of the thorax where 
image contrast around the diaphragm area is very low. It uses thresholding, connected 
component analysis, a priori of knowledge about the diaphragm, and a B-spline filter.  The 
method was refined manually to ensure precise differentiation between the heart and 
diaphragm, a region where contrast is generally low with CT images.  In addition to 
diaphragm segmentation, the ribs were segmented by thresholding the CT images at ~ 150 
HU, their locations during respiration are indicative of thorax expansions.  Figure 1-2 
shows examples of diaphragm muscle volume, diaphragm muscle surface, and rib 
segmentations in 4D CT for a patient in respective panels (a), (b), and (c).  The diaphragm 
muscle volume in Figure 1-2(a) is shown as a dark mass and overlaid with its corresponding 
4D CT image.  Figure 1-2(b) and (c) display a slice of the diaphragm muscle surface and 
rib segmentation in white.  All segmentation techniques were implemented in ITK and 
inspected in 3D slicer where minor manual edits were applied to improve segmentation 
quality. 
(b) (c) (a) 
Figure 1-2 (a) Segmented diaphragm volume overlaid with 4D CT data (dark central mass 
(b) Segmented diaphragm muscle surface in white overlaid with 4D CT data (contract 
muscle configuration) (c) Segmented ribs. 
7 
 
1.3.3 Image Registration: Rigid and non-Rigid 
The Image registration involves transforming different data sets into a single coordinate 
system.  An important feature of the proposed model are its boundary conditions.  The 
diaphragm attaches to the lower ribs, sternum, and intercostal muscles which can be 
segmented in CT images.  The rib cage and intercostals can be segmented at both end 
exhalation (rest state) and end inhalation for each set of CT images.  Rigid registration is 
the simplest form of image registration which can be used to determine the displacement 
field of the ribs from end exhalation to end inhalation.  The ribs are significantly stiffer 
than surrounding tissues making rigid registration an appropriate choice for determining 
their motion throughout respiration since their geometry remains essentially unchanged.  
The technique aligns each corresponding rib feature at different respiratory phases in order 
to predict their displacement. 
Next, non-rigid registration with free form deformation (FFD) was used to elucidate the 
motion of the intercostal muscles between similar respiration phases.  The intercostal 
muscles are a softer tissue found surrounding the ribs and diaphragm.  This technique 
applies a grid to an image and iteratively minimizes an image similarity metric (NMI) 
between two images as it defines a geometric mapping between the coordinates of both 
images.  Once minimized, the solution converges to the smoothest and most accurate 
predicted deformation field given the inputs provided.  The deformation fields acquired 
pertaining to the ribs and intercostals were important pertaining to areas that interface with 
the diaphragm and its peripheral attachments.  Image segmentation and registrations 
techniques were implemented in ITK. 
 
1.4 « Literature Review » 
1.4.1 Mechanical Modelling of Skeletal Muscle Tissue: Passive 
and Active 
The function of muscle tissue is contraction towards motion generation.  Skeletal muscle 
is characterized by both its passive mechanical properties and active response.  The passive 
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behavior of skeletal muscle tissue has two major features including hyperelasticity and 
transverse isotropy31.  Hyperelasticity models the non-linear stress-strain relationship and 
transverse isotropy refers directional mechanical properties; specifically, when forces are 
applied along and transverse to the muscle fiber direction found in the muscle tissue.  The 
myofibers behave both passively and actively whereas the extracellular matrix only 
behaves passively.  Based on the aforementioned description of muscle tissue, models have 
been proposed for simulating its mechanics.  The Hill’s model is the most renowned model 
which includes active, passive and elastic elements.  The active and elastic elements work 
in series while passive component is parallel as seen in Figure 1-3.   
 
Figure 1-3 Hill’s model for muscle tissue mechanical modelling. 
The model generates internal stress through the active element which leads to contraction 
of both the active and passive components due to bonding.  The passive stresses are 
distributed in both the myofiber and extracellular matrix parts.  In skeletal muscles active 
contraction requires nerve stimulations and depends on the parameters such as the velocity 
of contraction, thermal energy loss, and the current sarcomere length related to its rest 
length.  The muscles can contract eccentrically, concentrically, and isometrically following 
an approximated force-length relationship that can be elucidated with experimental work 
(e.g. tetanized muscles in baboons).  Unlike most skeletal muscles, the diaphragm better 
approximates isometric contractions allowing for a more consistent contraction force with 
respect to the force development over time.  The expansion of the rib cage pulls the muscle 
periphery in an outward and upward fashion during contraction which serves to maintain 
sarcomere length32.  Our proposed model follows a finite element (FE) approach inspired 
by the Hill’s model. This FE is implemented in an off-the-shelf solver Abaqus (Dassault 
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Systèmes Simulia Corp., Providence, RI, USA).  In this model the muscle tissue is 
modelled as a composite material with the extracellular matrix (ECM) representing the 
background material housing the myofibers which have different mechanical properties. In 
the proposed model rebars, which mimic the myofibers, are embedded into elements 
representing the ECM to model skeletal muscle.  Contractions are assumed to be isometric, 
and prestresses are applied to rebars increasing linearly to a maximum contraction force.  
This composite model leads to a self-contained anisotropic behavior.  Groups who model 
skeletal muscle generally develop in-house computer programs for modelling the 
transverse isotropy for skeletal muscle tissue.  Among more recent works, Zhang et al. used 
an extension of the Hill’s model to simulate skeletal muscle contraction, containing passive 
elements (PE), active/contractile elements (CE), and elastic elements (EE).  The muscle 
force F is a sum of the forces in the elements where 
𝐹 = F𝑃𝐸 + F𝐸𝐸 = F𝑃𝐸 + F𝐶𝐸 
which is analogous to the nominal stresses along the fiber direction.  The passive stress TPE 
is defined as: 
𝑇𝑃𝐸 = 𝑇0
𝑀𝑓𝑃𝐸(𝜆𝑓) 
Where 𝑇0
𝑀 denotes the maximal muscle nominal stress which determines the maximal 
muscle contraction force and 𝜆𝑓 is the stretch ratio in the fiber direction.  The passive force-
length relation of the passive element 𝑓𝑃𝐸 is given by: 
𝑓𝑃𝐸(𝜆𝑓) = 2𝑎𝐴(𝜆𝑓 − 1)𝑒
𝑎(𝜆𝑓−1)
2
, for 𝜆𝑓 > 1  
Where A and a are material constants and 𝑓𝑃𝐸 = 0 if 𝜆𝑓 is not greater than 1.  The active 
stress TCE is given by: 
𝑇𝐶𝐸 = 𝑇0
𝑀𝑓𝐶𝐸(𝜆𝑓)𝛼(𝑡)𝛾 
where 𝛾 is the activation level of the muscle from 0 to 1, α represents the time dependence 
of the activation, and 𝑓𝐴𝐸(𝜆𝑓) is the active force-length relation in the active element.  
(7) 
(8) 
(9) 
(6) 
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According to experimental data from an adult baboons33, the force-length relationship of 
the diaphragm muscle is  
 
The time dependence of the muscle activation α(t) was fitted to experimental data obtained 
from dogs34. 
1.4.2 Modeling of Diaphragm Muscle Tissue Passive Mechanical 
Properties 
The passive mechanical properties of various constituents of skeletal muscle tissue is 
highly important for the implementation of our proposed model12,35,36,37,38,39.  Experimental 
testing to determine the stress-strain relationship of a material is a traditional method for 
mechanical modelling.  Stress-strain data obtained from the experimental testing is then 
used for fitting to a constitutive model, such as the hyperelastic models described in section 
1.3.1.  In this investigation, we use an alternate approach where the muscle tissue modelling 
is based on a micro-to-macro mechanical approach described in Chapter 2.  The mechanical 
properties for myofiber bundles, mitochondria, fat, and collagen are attained from literary 
experimental data.  As aforementioned, the volume percentages of the micro constituents 
found in muscle tissue are variable, and therefore the model mechanics are adaptable to 
encompass such variability since the overall mechanics of the tissue is a combination of 
the mechanics of its constituents.  The micro-to-macro technique follows a structural 
approach for modelling muscle tissue, where the tissue if broken down into its major 
constituents.  Their volume percentages and distribution throughout tissue determine the 
overall mechanical characterization of the tissue.  Mathematical modelling using strain 
(9) 
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energy density equations is also popular to represent the passive mechanics of skeletal 
muscle tissue28,40,41,42.  An existing hyperelastic model used by Jenkyn et al. and Linden is 
an extension of the Fung hyperelastic model whose parameters determine strain energy 
density in the tissue, which are found experimentally28,43,41.  The anisotropic strain energy 
density equations representing these models are as follows: 
 
where a1 and a2 are hyperelastic parameters that relate to the passive stiffness in cross-fiber 
and fiber direction, respectively.  Their work includes a shear component, however, it was 
independent of the above equations and not analyzed in our research.   
1.4.3 Diaphragm Muscle Contraction Modeling Using Strain 
Energy Density Approach  
Existing models that simulate diaphragm muscle contraction can be scarcely found in the 
literature.  The major components presented by Zhang et al. follow an incompressible 
hyperelastic transversely isotropic model proposed by Martins et al. where the Hill’s model 
is extended into 3 dimensions32,44.  The contraction model was presented in Section 1.4.1.  
After determining the active and passive stresses presented in Section 1.4.1, followed by 
integration related to fiber stretches, the muscles were modelled using strain energy density 
equations as follows: 
 
 
where UI and Uf are the strain energies stored in the isotropic hyperelastic matrix and 
muscle fibers, respectively.  c and b are material constants.  Our proposed model is also 
founded on Hill’s model concept; however, the muscle tissue intrinsic mechanics is 
(10) 
(11) 
(12) 
(13) 
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modelled based on an adaptable micro-to-macro composite material approach we 
developed for skeletal muscle tissue as presented in Chapter 2.  In order to simulate 
contraction, Zhang et al. used force-velocity experimental data measured on the diaphragm 
muscle of a single adult baboon33.  Their model involves contraction of the intercostal 
muscles in the thorax.  They explained that the muscle fiber installations were done 
according to a radial pattern from the central tendon to the bottom edge.  In their model, 
they included linear variations of abdominal and pleural pressures that were applied to the 
lower diaphragm surface and inner thorax, respectively. They used ranges of 0 to 2 kPa 
and −0.5 to −0.75 kPa during normal quiet breathing for these surfaces, respectively.   
1.4.4 Objectives 
The overarching objective of this work is to develop a patient specific biomechanical model 
of the diaphragm to simulate contraction in normal and pathological diaphragms.  The 
model is developed such that it can be integrated into a respiratory system model, including 
the lung, to model lung tissue deformation throughout the respiration cycle. A micro-to-
macro mechanical approach is used to accurately characterize the intrinsic mechanics of 
the skeletal muscle tissue with a structural approach. This proposed approach allows 
adaptability to a broad range of healthy and pathological diaphragmatic muscle tissue while 
it enables exploring the sensitivity of the tissue mechanical properties to microstructural 
and pathological changes.  Another objective of the work is to estimate the contraction 
forces found within the diaphragm muscle. To achieve this objective an inverse problem 
framework which utilizes optimization was developed with the diaphragm mechanics 
model used as the forward model. Given its utility as a forward model, the diaphragm 
model should be computationally efficient, robust and implementable using an off-the-
shelf FE software package.  The latter is important for availability to the research 
community.  
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Chapter 2  
2 « A micro to macro mechanical approach for skeletal 
muscle tissue mechanical characterization » 
 
2.1 « Introduction » 
The Passive mechanical properties of skeletal muscles have been studied under tension and 
compression for many reasons.  Accurate measurement of these properties is important in 
many applications such as development of computational models that capture their 
physiology.  These  properties are essential in developing models to simulate muscular 
deformation resulting from contraction or external loading18.  They are also necessary for 
development of biomaterials to substitute muscle tissue. Changes in the mechanical 
response of both passive and active components of muscle tissue can occur as a result of 
various pathologies which lead to altered mechanical properties of the tissue14.  According 
to the American Association of Neurological Surgeons, muscle spasticity affects more than 
12 million people worldwide and affects as much as 77.4% and 84% of people with cerebral 
palsy and multiple sclerosis, respectively45,46.  Spasticity negatively affects muscles and 
has been shown to compromise the passive mechanics of muscle tissue through alteration 
of its ultrastructure47. Fibromyalgia is another pertinent disease which is associated with 
reduction in muscle collagen making it more susceptible to micro injury46. Skeletal muscle 
tissue is complex, however, a structural approach that assumes the mechanical behaviour 
of tissue is a result of superposition of the mechanical responses of its internal micro-
constituents, can be employed to model its intrinsic properties.  Through FE 
implementation, this approach incorporates tissue constituent volume and orientation along 
with their specific mechanical properties in the model48. This approach is capable of 
simulating various normal and pathological tissue scenarios to provide ranges of their 
property parameters. Various structural approaches have been used over recent years to 
provide realistic models for tissues and materials49,37,38.  Structural approaches pose an 
advantage over phenomenological modelling which relies on a strain energy function to 
describe the general behavior but has strict reliance on experimental testing to determine a 
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specific tissue’s parameters. Parameters obtained for muscle tissue using 
phenomenological modelling are valid for the specific tested tissue specimen, hence cannot 
represent the behaviour of all muscle tissue types and variations effectively. While 
mechanical testing of ex vivo muscle tissue is possible for broad tissue mechanical 
characterization, it may not be technically feasible due to the need for a large number of 
various fresh tissue samples in addition to challenges of rigor-mortis. The continuum 
modelling approach is another alternative that considers all tissue constituents and their 
interaction to derive a comprehensive constitutive model.  The continuum approach deals 
with holistic physical properties and represents their properties as a tensor50,51.  While it 
can be highly accurate this approach is inherently complex. AS such, given the readily 
available information regarding the physical orientation of skeletal muscle tissue’s 
microstructure and composition, the structural approach has been used in this study.   
Among types of muscle tissue, the mechanics of cardiac tissue has been studied38,52.  Most 
models use a composite approach with myofibril and lumped non-myofibril components.  
While lacking flexibility to represent intrinsic properties of wide spectrum of a tissue type, 
such models can yield unrealistic predictions with respect to tissue composition due to over 
simplification.  Fortunately, it is possible to digest and isolate specific microstructural 
components of skeletal muscle tissue and perform mechanical testing47,53,54,55.  With such 
information, our model can be developed to include a multitude of the major skeletal 
muscle tissue constituents.  If a constituent’s volume, mechanical properties, and 
approximate distribution in the tissue is known, it can be incorporated into the proposed 
model.  Such adaptability is advantageous due to the various alterations of tissue 
microstructure associated with different pathologies.   
Passive tensile stress-strain experimental data has been acquired by many groups across a 
range of animals56,43,28,57,31. Discrepancies among past investigations exist in relation to the 
longitudinal and cross fiber stiffness which characterize the transverse isotropy of the 
tissue.    These discrepancies have been majorly attributed to differences in tissue sample 
preparations31, although anatomical disparities due to species variation are also present.  
Recent work by Wheatley et al. on rabbits aimed at determining the effects of skeletal 
muscle tissue sample preparation agreed with the results of several investigators that found 
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that the transverse fiber direction is the stiffest20.  This is true when experimentation is 
done on fresh, hydrated, and never frozen samples; which is most indicative of in-vivo 
mechanics.  We begin our novel approach for skeletal muscle tissue modeling geared 
towards capturing the mechanics of in-vivo skeletal muscle tissue, to achieve reasonably 
accurate realism and account for observations in a clinical setting.  Using the major 
constituents, the preliminary model (absent Z-disc incorporation) behaved similarly to the 
longitudinal experimental results presented by Takaza et al. for porcine57.  Z-discs were 
then incorporated to account for transverse isotropy.   
Our model follows a micro to macro mechanical approach to determine skeletal muscle 
tissue properties pertaining to its intrinsic hyperelasticity and anisotropy. It is capable of 
capturing mechanical changes realistically because the overall mechanical properties of a 
tissue is known to be a function of its microstructural constituents and their associated 
volume and distribution58,59,60.  The novel incorporation of Z-disc elements in the proposed 
model serves the purpose of more accurately capturing the transverse isotropy of the tissue.  
Atomic force microscopy has shown that the transverse stiffness of myofibrils is greatest 
at the projection of the Z-discs61.  Attempts have been made towards characterizing Z-disc 
mechanical properties using atomic force microscopy, however, the microscopic nature of 
the technique involves elastic contributions from other structures and the potential for 
actomyosin thin and thick filament slippage. This slippage is likely to result in 
underestimation of the Z-disc lattice stiffness36,62. The computational model proposed in 
this work is developed for characterising the passive tensile mechanical properties of 
skeletal muscle while estimating the mechanical properties of the Z-discs through model 
optimization. This estimation may be more realistic than estimations obtained through 
atomic force microscopy as it does not involve the experimentally inevitable errors due to 
other microstructures and muscle filament slippage. The developed model considers 
hyperelasticity while its anisotropy is self-contained. The tissue model’s sensitivity to 
constituents is assessed through sensitivity analysis.  A case study is performed to assess 
the effects of altering the tissue’s muscle fiber volume percentage or compromised muscle 
fiber mechanics due to a pathological condition.  The results have been shown to capture 
the transversely isotropic behaviour of skeletal muscle reasonably accurately. 
30 
 
2.2 « Materials and Methods » 
The micro to macro structural approach proposed to characterize skeletal muscle in this 
study requires data pertaining to its complex and variable microstructure. Tissue 
morphometric techniques utilizing electron or light microscopy reveal the volumetric 
quantities of different active and passive components of the tissue.  Studies performed on 
pathological tissues provide information regarding alterations in the microstructure 
because of a shift in the volume percentages of their constituents.   
In this work, we assume that the macroscopic mechanical behaviour of whole muscle tissue 
results from the mechanics of the predominant constituents. The major mechanical 
components in skeletal muscle include the skeletal myocytes and their surrounding 
extracellular matrix (ECM). Myocytes include various structures such as myofibrils, 
mitochondria, Z-discs, and sarcolemma.  Myofibers are both passive and active because 
they generate muscle contraction forces.  Morphometric studies of skeletal muscle reveal 
that muscle fibers occupy approximately 83% of their volume53,47,63.  It has also been found 
that depending on the muscle group, the amount of non-contractile tissue in old and young 
individuals are respectively 8-18% and 2-5% of the whole muscle cross-sectional 
area64,65,66.  The sarcolemma is a tubular sheath that envelops the fibers and plays an 
important role in the structural integrity of the fibers and their passive mechanics17.  For 
this reason, myofibril bundles were considered as the major constituent in our model.  
Recent studies using atomic force microscopy have shown that the transverse stiffness of 
myofibrils changes along the length of fibers with a distinctly stiffer region corresponding 
to the Z-band55,54.  The Z-band widths vary depending on fiber type; fast twitch fibers have 
narrower bands (~30-50 nm) whereas slow twitch fibers have wide Z-bands (~100-140 
nm)55.  Visualizing Z-band width is a common method for fiber type differentiation.  Z-
bands are multilayered lattice structures with a net orientation transverse to muscle fibers, 
easily observed in electron micrographs67,68.  Z-bands have been associated with increased 
lateral stiffness along muscle fibers, reaching a maximum at the projections of the Z-
discs55. In this work, skeletal  muscle was considered for the model which has 
approximately 60% slow and 40% fast twitch fiber types resulting in a ~6% Z-band volume 
using a rest sarcomere length of 2 μm69,11,47,70.  Z-discs were therefore considered important 
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in characterizing the muscle lateral stiffness in the model, hence were incorporated into 
myofibril regions.  Figure 2-1 shows a schematic illustrating how Z-discs were 
incorporated into the FE model.  
 
Figure 2-1 (a) The concept of a Z-disc region (black disc) between anti-parallel bundle of 
sarcomeres,  (b) the Z-disc region as a black plane traversing actin filaments originating 
from adjacent sarcomeres coloured light brown and blue,  (c) the Z-discs were modelled 
using a FE scheme in the proposed model where the blue and black regions represent 
distinct finite elements. 
The ECM is another important part of skeletal muscle tissue.  It has various constituents 
and occupies the volume outside of myocytes.  Mitochondria is an abundant structure in 
muscle tissue because of the high-energy demands of muscle compared to other organs of 
the body.  The volume percentage of extramyocellular mitochondria in the ECM of skeletal 
muscle is approximately 7% and can vary by several percent depending on the specific 
muscle and subject12,71.  As such, mitochondria were selected as one of the major 
constituents of the ECM.  Collagen is another essential constituent of the ECM with a 
relatively high stiffness under increasing tension.  It’s volume in skeletal muscle ECM is 
estimated at 1-10%17.  The presence of extramyocellular fat is a third important component 
of the ECM which can range from as low as 1.5% and up to 11% volume in elderly, obese 
individuals72,73,74.  Table 2-1 shows typical volume percentage of each constituent 
(a) (b) (c) 
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predicted for normal skeletal diaphragm muscle tissue according to the given ranges. 
However, constituent volume percentages are known to vary from across muscles and 
individuals as revealed using morphometric studies. 
Table 2-1 Major Constituents of normal diaphragm muscle tissue and their volume 
percentage. 
Constituent Myofibrils 
(including Z-disc) 
Mitochondria Collagen Fat 
Volume percentage ~83 ~7 ~3 ~7 
 
2.2.1 Muscle Tissue Modelling and Z-disc Hyperelastic Parameter 
Estimation  
As indicated earlier, skeletal muscle tissue is a composite material which mainly includes 
myofibril and ECM components.  This is consistent with the renowned Hill’s model which 
contains both active and passive elements; this work focuses on the passive extensional 
behaviour of skeletal muscle tissue.  The presence of the myofibril components and their 
alignment in conjunction with the transverse Z-disc structures, leads to a self-contained 
anisotropy.  Bonding between the myofibril and ECM results in load sharing between each 
component which maintains mechanical equilibrium under tension.  The muscle tissue is 
resolved into two main parts: ECM and myofibrils where the Z-discs are contained in the 
latter.  Figure 2-2 illustrates the steps that will be taken toward development of the whole 
muscle tissue model. According to this figure, our proposed model involves two steps. In 
the first step, the ECM component is modelled using FEM where pertinent ultrastructural 
constituents with known intrinsic properties are incorporated and assembled before a 
uniaxial test is simulated to obtain a simulated stress-strain response. In the second step, 
the whole tissue is simulated whereby the ECM represented by the stress-strain response 
obtained from the first step is combined with myofibrils, including Z-discs, again through 
FE modeling. Details of the two steps are given in the following sections. 
33 
 
 
Figure 2-2 Flowchart illustrating the proposed skeletal muscle tissue modelling 
approach. 
 
2.2.2 Step 1 - ECM Part Modelling  
A cylindrical sample was considered for the ECM part’s FE model.  As aforementioned, 
the ECM is a structure comprised of mainly mitochondria, collagen, and fat.  Considering 
their volume percentage given in Table 2-1, we assumed uniform distribution of elements 
corresponding to each of these constituents.  Depending on the element type, mechanical 
properties have been assigned according to the literature.  Stress-strain data for 
mitochondria, collagen, and fat have been reported in the literature75,60,39,76.  In this work, 
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these constituents are modelled according to the following Yeoh hyperelastic model for an 
incompressible material:     
                     
where Ci refers to the hyperelastic parameters of the tissue and I1 represents the first strain 
invariant of the Cauchy-Green deformation tensors.  The Yeoh model is commonly 
considered to be a good model for incompressible soft tissues26.  According to the 
literature, the C1, C2, and C3 parameters for the mitochondrion are 500, 2000, and 0 Pa, 
respectively60. 
The mechanical properties of collagen and fat were also obtained from stress-strain 
experimental data75,39.  The data was fitted to the Ogden and Yeoh hyperelastic models to 
determine corresponding hyperelastic parameters. These models led to high quality fit of 
the experimental data. Using the calculated Ogden and Yeoh hyperelastic along with 
estimated volume percentages of each constituent in the ECM part, a uniaxial FE 
simulation was performed on a cylindrical sample model of ECM part containing 16500 
hexahedral elements as seen in Figure 2-3.  Axial strains were varied incrementally from 0 
to 35% with prescribed displacement boundary conditions.  This led to uniformly 
distributed axial stresses which were calculated in ABAQUS FE solver (Dassault Systemes 
SIMULIA Corp, Waltham, MA 02451, USA).  
 
2.2.3 Step 2 - Whole Skeletal Muscle Tissue Modelling   
  
2.2.3.1 Myofibril and Z-disc Composite Model 
A schematic of a group of aligned myofibrils along with transversely aligned Z-discs is 
illustrated in Figure 2-1. To build this composite model, constitutive models are required 
for the myofibril and Z-disc parts.  For the myofibril part, stress-strain data was extracted 
(1) 
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from experimental data reported by Lieber et al47 for normal skeletal muscle.  The data was 
used as input test data for the Yeoh hyperelastic model47,46.   
                                                    
Figure 2-3 FE model of (a) cylindrical sample of ECM part composed of amounts of 
mitochondrion (green), fat (yellow), and collagen (grey) given in Table 2-1 and (b) slab 
sample of whole skeletal muscle tissue composed of ECM (white), muscle fiber bundles 
(blue) and Z-disc elements (black). 
As aforementioned, the Z-discs occupy ~6% of the myofibril part and have a structured 
orientation perpendicular to the muscle fiber direction.  In this work, the Z-discs were 
assumed to follow a Neo-Hookean hyperelastic model which led to a good fit to 
experimental data. To our knowledge, an estimation of hyperelastic parameter of intact ex 
vivo Z-discs is unavailable. To provide such estimation, the Neo-Hookean hyperelastic 
parameter of Z-discs was estimated using optimization by iteratively adjusting its value in 
the whole muscle tissue FE model until simulated stress-strain data in fiber and cross-fiber 
directions matched corresponding experimental data57. It is predicted that the Z-disc 
stiffness will account for the increased stiffness in the cross-fiber direction as seen in fresh, 
whole muscle tissue57,31.   
(b) (a) 
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2.2.3.2 Whole Tissue Model 
For the whole skeletal muscle tissue, FE simulations of uniaxial extensions in fiber and 
across-fiber directions were performed on a slab containing 8000 hexahedral elements 
shown in Figure 2-3. This model includes five muscle and four Z-disc layers. Increasing 
the number of these layers did not lead to significant change in resulting hyperelastic 
parameters of skeletal muscle tissue. The second order Yeoh model for both myofibril and 
ECM constituents along with Neo-Hookean model for the Z-discs yielded the best fit with 
data available in the literature47,77.  Uniaxial extension of the slab was simulated using 
ABAQUS FE solver along and across the muscle fiber directions ranging up to 30% and 
15% strain, respectively.  This allowed for a complete comparison with existing 
experimental data obtained with these maximum strain values limited to avoid significant 
disintegration of muscle tissue.  Stress-strain data of normal skeletal muscle tissue in fiber 
and cross fiber direction was obtained and compared to recent studies that aim to quantify 
the passive tensile behaviour of in vivo skeletal muscle tissue.   
2.2.4 Case Studies 
Changes to skeletal muscle can be very complex78, including alterations to ECM 
constituents as well as muscle fiber percentage.  For example, increasing extracellular 
muscle fat content, is one of the involuntary processes commonly resulting from aging, 
immobility, and obesity combined79,80.  It has also been shown that a lack of exercise can 
lead to a reduction in mitochondrion content, as the energy demands of the muscle are often 
minimal81.  Berria et al. concluded that there is increased collagen content in the ECM of 
muscle in insulin-resistant skeletal muscle, a phenomenon that can be found among 
diabetics82.    
The To demonstrate the adaptability of the proposed method to model healthy skeletal 
muscle tissue the muscle fiber constituent volume percentage was varied to encompass 
realistic values including low, medium, and high amounts of myofibrils.  Furthermore, to 
model spastic muscles, the mechanics of muscle fiber bundles were altered to be 
characteristic of spastic muscle.  Spastic muscle fiber bundle stress-strain data was 
extracted from Lieber et al47 and fit to the Yeoh hyperelastic model.  Tensile mechanical 
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simulations were performed for changes in muscle fiber percentages and to investigate how 
spastic muscle affects the overall mechanics of the muscle tissue. 
2.2.5 Sensitivity Analysis to ECM Constituent Volumes Alteration  
Sensitivity analysis was performed to find sensitivity of skeletal muscle stiffness 
parameters w.r.t changes in each major constituent. For this purpose, volume percentages 
of individual ECM constituents were varied by ±1%.  The addition and subtraction of 1% 
of each constituent was analysed at three regimes for passive tensile simulations along and 
across fiber directions to determine the sensitivity related to each constituent variation.  
The along-fiber direction regimes selected for analysis were 10, 20, and 30% strain, 
whereas across fiber direction regimes correspond to 5, 10, and 15% strain corresponding 
to small, medium and large strain regimes, respectively.  This is consistent with the whole 
tissue extensional analysis for each direction.  Comparing the difference in instantaneous 
moduli as a result of 1% constituent addition to that of 1% subtraction at each strain regime 
was done to give insight as to how the overall 2% change in constituent volume percentage 
effects the whole tissue mechanics.  FE models were constructed per the altered volume 
percentages of constituents.  The cylindrical model was again used for the ECM part stress-
strain data acquisition followed by whole tissue modelling using the new ECM part 
mechanics. 
2.2.6 Hyperelastic Model of Passive Skeletal Muscle 
To obtain an anisotropic hyperelastic model for passive skeletal muscle, stress-strain data 
generated using the proposed computational model are used to fit anisotropic hyerelastic 
models available in the literature. Researchers including Jenkyn et al. and Linden 
developed two-dimensional FE models of skeletal muscle based on in vivo experimentation 
on rabbits and rats, respectively83,42.  Their model’s mechanics are based on a variation of 
the Fung hyperelastic model whose parameters for determining strain energy density are 
attained experimentally.  The parameters attained for the models account for the passive 
stiffness related to longitudinal and transverse directions in the tissue.  The anisotropic 
strain energy density equations are as follows: 
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where a1 and a2 are the hyperelastic 
parameters related to the passive stiffness in cross fiber and fiber directions, respectively.  
k is another hyperelastic parameter related to the materials initial passive stiffness.  e1 and 
e2 are Green strains in cross fiber and fiber directions, respectively.  The experimental 
protocol performed by Jenkyn et al. and Linden resulted in reports of increased stiffness in 
the transverse direction, and as such it was seen fitting to determine the coefficients of the 
equations presented based on our results for further validation. In this work we slightly 
refined Equation 2 by considering two different k parameters, k1 and k2, in the cross fiber 
and fiber directions, respectively. The hyperelastic parameters were determined through 
nonlinear optimization using data generated by the proposed computational model. For this 
purpose, the nonlinear least squares optimization algorithm in MATLAB (MATLAB 9.3 
and Optimization Toolbox 9.3, The MathWorks, Inc., Natick, Massachusetts, United 
States) was utilized.   
2.2.7 Validation 
The model’s mechanical properties in both fiber and cross fiber directions are compared to 
the passive tensile mechanical testing performed on fresh porcine skeletal muscle.  Porcine 
tissues are known to resemble human tissues while their experimental data is available84.  
The coefficients for the strain energy density equations presented earlier are also 
determined using their derivatives and our models stress-strain relationships through a non-
linear least squares optimization.   
 
2.3 « Results » 
2.3.1 ECM Part Modelling  
Using the Yeoh model’s hyperelastic parameters of mitochondria as well as the available 
experimental data of collagen and fat, the ECM stress-strain curve was obtained from a 
(2) 
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uniaxial extension of the cylindrical sample and is shown in Figure 2-3(a).  The relative 
volume percentages of each constituent used in this cylindrical sample FE model are given 
in Table 2-1. 
 
Figure 2-4 Simulated stress-strain curve of ECM part for normal skeletal muscle 
tissue. 
 
3.2 Normal Skeletal Muscle Modelling and Case Studies 
We used data we generated from the ECM simulation in the previous part to construct FE 
model of normal skeletal muscle. Using this model, uniaxial extensions of the constructed 
skeletal muscle tissue model were simulated in fiber and across fiber directions. Resulting 
stress-strain relations are illustrated in Figure 2-5(a) and (b) that demonstrate the data in 
fiber and cross fiber directions, respectively.  These figures also show corresponding 
experimental stress-strain data of fresh porcine skeletal muscle as reported by Takaza et 
al57.  Ad-hoc optimization of Z-disc in the model led to a Neo-Hookean hyperelastic 
parameter C1 value of 15 MPa. This may be regarded as the first estimate of hyperelastic 
parameter of intact ex vivo Z-discs. The figures illustrate stress-strain data generated for 
low, medium and high myofiber content cases, by altering the volume percentages of 
myofiber to 82%, 90% and 98%.  They consistently indicate higher stiffness characteristics 
with increased muscle fiber volume percentage. Results of the spastic case study is also 
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illustrated in this figure (red-line) which shows drastic reduction in stiffness compared to 
normal skeletal muscle. This is consistent with the data presented by Lieber et al47. 
 
Figure 2-6 Stress-strain curves of simulated skeletal muscle tissue behaviour along fiber 
direction (a) and cross-fiber direction (b) obtained from uniaxial FE simulations are 
shown and compared to recently published data of fresh porcine skeletal muscle stress-
strain experimental scatter points (blue).  Solid black, green, and blue line stress-strain 
results correspond to 82%, 90%, and 98% muscle fiber volume percentages in the whole 
muscle tissue, respectively.  Solid red lines show the predicted stress-strain relationship 
corresponding to spastic muscle. 
2.3.2 Sensitivity Analysis 
The volume percentages of background tissue constituents were altered as aforementioned.  
The simulated ECM test data was used as input data for the whole tissue modelling 
following a Yeoh hyperelastic fitting.  Myofibrils were treated similarly as for normal 
skeletal muscle tissue.  Uniaxial test simulations lead to sensitivity results shown in Table 
2-3 corresponding to along and across fiber directions as previously described. 
Table 2-2 Along-fiber and Cross-fiber instantaneous moduli changes (kPa) are reported 
for the three selected strain regimes per each direction as a result of 2% change in each 
ECM constituent volume.  The percent change in the Young’s moduli are also reported. 
 Along-fiber Cross-fiber Along-fiber Cross-
fiber 
Along-fiber Cross-
fiber 
(a) (b) 
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Strain 10% 5% 20% 10% 30% 15% 
Collagen 209.9  
(0.04%) 
283.6 
(0.52%) 
1111.5 
(0.04%) 
 943.9 
(0.88%) 
2359.8 
(0.03%) 
2287.1  
(1.39%) 
Fat -13.2  
(-0.003%) 
   -2.61 
(-0.005%) 
5.82 
(0.00024%) 
-10.83 
(-0.01%) 
101.5 
(0.001%) 
   65.8 
(0.04%) 
Mitochondria -69.2 
(-0.01%) 
-96.37 
(-0.18%) 
-379.62 
(-0.014%) 
-319.8 
(-0.30%) 
-821.6 
(-0.011%) 
-790.7 
(-0.48%) 
 
2.3.3 Anisotropic Hyperelastic Model Parameters of Passive 
Skeletal Muscle  
The nonlinear least squares optimization led to the determination of the coefficients shown 
in Table 2-4. 
Table 2-3 Anisotropic hyperelastic parameters obtained using our proposed model data 
and corresponding parameters reported based on the experimental works of Jenkyn and 
Linden for rabbit and rat, respectively.   
 a1 k1  a2 k2 
Coelho et al. 6.8 0.98 6.2 0.11 
Jenkyn et al. 8 0.05 6 0.05 
Linden 2.5 0.01 1 0.01 
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2.4 « Discussion » 
This paper presents a micro-to-macro method for modelling the intrinsic properties of 
skeletal muscle tissue. It follows the structural approach of tissue mechanics modeling and 
utilizes the FE method for implementation where the tissue ultrastructural constituents are 
considered to capture the tissue’s intrinsic mechanical properties.  This accounts for the 
nonlinearity and anisotropy of skeletal muscle using the appropriate constituent volumes, 
their distributions and intrinsic properties noting that the macroscopic mechanical 
characteristics of the tissue is shaped by the volume percentage, distribution, and 
mechanical properties associated with its microstructural constituents. Using estimations 
for normal skeletal muscle tissue composition and associated microstructural mechanical 
properties, simulations lead to a good agreement with recent experimental data of uniaxial 
testing performed on fresh porcine skeletal muscle57.  A similar trend between fiber and 
cross-fiber mechanical behaviour can be seen in other works including fresh rabbit skeletal 
muscle experimentation85.  It is important that comparisons be made with fresh skeletal 
muscle tissue samples to avoid the stiffening effects of rigor-mortis.  Using an ad hoc 
approach to estimate the Z-disc mechanical properties, the Neo Hookean parameter C1 was 
estimated at 15 MPa leading to a good agreement between simulated tissue and 
experimental findings for both along and across fiber orientations.  Compared to variable 
reports that attempt to quantify the mechanical behaviour of the skeletal muscle Z-discs 
using atomic force microscopy, our model predicts a Young’s modulus of approximately 
90 MPa while assuming tissue incompressibility36,61,62.  While it may be regarded as the 
first estimate for intact ex vivo Z-discs, this estimate is higher than measurements obtained 
using atomic force microscopy. The measurement difference could be attributed to 
actomyosin slippage and other elastic contributions involved in atomic force microscopy 
which lead to stiffness underestimation.  Rigorous sample preparation required for atomic 
force microscopy may also lead to a greater disintegration of the tissue compared to whole 
tissue experimental testing.  Due to the complex microstructure of myofibrils, atomic force 
microscopy presumably quantifies the more compliant apparent modulus due to localized 
plastic deformations in the material62.  As predicted, the incorporation of these stiffer 
regions leads to an elevated stiffness transverse to the myofibril direction.  
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As previously mentioned, various pathologies can lead to significant alterations in the 
microstructural composition and mechanical properties of skeletal muscle.  Aging and 
exercise levels for example can influence the myofibrillar volume, presence of muscular 
fat, and mitochondrial volume.  Features such as these can  easily be captured in the model 
by making simple modifications to the appropriate constituent volume percentages72,81.  
Aging is also known to increase the stiffness of the extracellular matrix due to extensively 
crosslinked collagen82.  Phenomenon that alter the specific mechanical properties of a 
constituent can easily be modelled by appropriately modifying the mechanical inputs of 
the model.  The case study presented in this article demonstrated the altered passive tensile 
mechanics as a result of changing the muscle fiber volume percentage as well as altering 
myofibril bundle mechanics.  Leiber et al. found that the tangent modulus of spastic muscle 
bundles was less than one quarter to that of normal muscle bundles, however, more 
accurate passive modelling of spastic muscle would require research elucidating its 
possible effects on Z-discs and the ECM for incorporation in our model47. 
The diaphragm is a skeletal muscle and has been reported to undergo muscle fiber type 
transformation resulting from COPD.  Furthermore, the myofibrillar titin molecule is more 
extensible in COPD muscle.  Characteristics including fiber type transformation and titin 
extensibility because of COPD would directly affect the predicted Z-disc volume 
percentage. This can be attributed to the fact that in COPD fast twitch fibers have narrower 
Z-bands while myofibril mechanical properties are altered.  Biomechanical models for the 
diaphragm are being developed to aid in tumour motion compensation for lung cancer 
treatment86.  Incorporating such alterations through the proposed model may lead to 
furthering the realism of diaphragmatic skeletal tissue modelling, hence improving the 
accuracy of lung tumor compensation and leading to better lung cancer treatment outcome.  
 Each constituent and their associated mechanical properties, volume, and distribution is 
adaptive in this model to characterize specific skeletal muscle tissue related to its structure.  
The adaptability of the model was explored through the presented sensitivity analysis.  
Alterations in the ECM constituent volume percentages resulted in a newly predicted whole 
tissue mechanical behaviour.  Sensitivity results showed that alterations in volume 
percentages can have a different impact on the overall tissue characteristics at different 
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tensile strains.  As would be expected, with a greater presence of collagen, the tissue model 
becomes increasingly stiff at larger strains as seen in Table 2-3.  Morphometric studies 
determining the composition of tissue should be more attuned when quantifying collagen 
compared to other constituents due to its relatively high sensitivity towards affecting the 
overall mechanics of the tissue.  As more information is uncovered regarding skeletal 
muscle morphology and micromechanical alterations as a result of pathology, the model 
could be further tested for validity and adaptability.  
As aforementioned, discrepancies exist among stress-strain data obtained by different 
investigators for skeletal muscle tissue in fiber and cross fiber directions.  However, it has 
been consistently shown that the cross-fiber direction exhibits a stiffer and generally more 
linear trend in the case of experimental testing on fresh and in-vivo tissue samples84,83,56,31.  
The following Figure 2-7(a) and (b) are extensions of Figure 2-5(a) and (b) to include the 
fittings obtained based on the strain energy density equation introduced in Section 2.5.  
While Jenkyn et al. fit the model to rabbit experimental data we used our simulation data 
to determine the model’s coefficients.  Disparities seen between researcher’s experimental 
data are not uncommon, Takaza and Nie porcine experimental data have been found to 
mainly disagree in the along fiber direction, which are expected to be due to experimental 
protocol.  The dynamic high strain rate testing used by Nie may have accelerated the 
process of rigor-mortis which has been shown to increase the stiffness and linearity of the 
tissue mechanical behaviour in the along the fiber direction31.  The results from Jenkyn et 
al. are shown because their works used data collected from in vivo experiments on rabbits 
to determine the muscle tissue anisotropic hyperelastic parameters.  The coefficients we 
determined based on our simulation seen in Table 2-4 are compared to that of the work 
performed by Jenykns et al. and Linden.  The constants a1 and a2 describe the passive 
stiffness in the perpendicular and parallel fiber directions, respectively.  The elevated 
stiffness transverse to fibers is reflected in the values of a and k which are larger for the 
cross fiber direction.  The k parameter is related to the initial stiffness of the material 
whereas the a value related to the passive stiffness of the corresponding direction.  
Previously, a single k value was determined which assumes the same initial stiffness in 
both directions.  We did not make this assumption and determined separate k values for 
each direction.  The main discrepancy seen between the model fitting and our simulated 
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data is found at increasing strains in the cross-fiber direction.  Similarly, Jenkyn et al. found 
that the model deviated from the true stress-strain relation at high strains which they 
attributed to possible tissue damage.  Our model incorporates Z-discs which tend to 
dominate the transverse stiffness of the tissue model, alleviating the stress-stiffening 
response seen with the model fitting. 
 
     
                                    a) 
 
                                   b) 
Figure 2-8 Stress-strain curves of simulated skeletal muscle tissue behaviour 
along fiber direction (a) and cross-fiber direction (b) obtained from uniaxial FE 
simulations are shown and compared to Takaza’s fresh porcine skeletal muscle stress-
strain experimental scatter points (blue).  Solid black, green, and blue line stress-strain 
results correspond to 82%, 90%, and 98% muscle fiber volume percentages in the whole 
muscle tissue, respectively.  Thin red lines show the predicted stress-strain relationship 
corresponding to spastic muscle.  Results from Jenkyn et al. fittings are shown in thick 
red lines. 
 
2.5 « Conclusions » 
The major advantage of the proposed tissue modelling approach is its flexibility and ability 
to mimic diverse skeletal muscle characteristics. Generally, this would be as simple as 
modifications to the volume percentages of tissue constituents depending on the 
morphology.  The model could also be adapted to micromechanical alterations as well as 
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the distribution of constituents. As such, it can be employed as a computer simulator to 
catalogue the mechanical properties of various healthy and pathological skeletal muscles.  
The advent of modelling the lattice structured Z-discs in the model allowed for a satisfying 
capture of the along and across-fiber tissue mechanical properties, which is an essential 
characteristic for clinical skeletal muscle tissue modelling.  The decomposition of the tissue 
into constituents is an extension of the renowned Hill’s model composite.  The model’s 
adaptability is further explored through considering the altered mechanical characteristics 
of spastic muscle fiber bundles.  It is important that the model input parameters including 
volume percentages and mechanical properties are accurate in order achieve the most 
accurate skeletal muscle tissue model. 
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Chapter 3  
3 « Micromechanics Based Modelling of in-vivo 
Respiratory Motion of the Diaphragm Muscle » 
3.1 « Introduction» 
The respiratory system in humans is a vital and complex arrangement of structures and 
organs that work together to generate pressure variations in the lung allowing for air flow 
in and out of the lung, leading to oxygen exchange.  Computational modelling of such a 
system has become increasingly popular as our understanding of their underlying science 
increases and relevant technology becomes available.  Respiratory computational models 
are valuable in that they provide insight into the complicated physiology and may provide 
aid in diagnosis and treatment for respiratory diseases and management, respectively.  
The major driver of respiratory motion is the diaphragm muscle, especially when 
considering normal shallow breathing.  Existing lung and respiratory models are 
generally driven by estimated pressure variations and prescribed boundary conditions that 
are often attained through image registration techniques1,2,3.  Such simplifications do not 
model the respiratory motion based on comprehensive model of physiological behaviour, 
which can lead to inaccuracies. Lung deformation during respiration, which are mainly 
concentrated at the lower lobes of the lung, is mainly due to muscle contractions of the 
diaphragm muscle3.  This has led to biomechanical modelling of the diaphragm, which 
can ultimately be incorporated into respiratory models of increasing complexity.  Further 
to gaining insights related to the diaphragm physiology, biomechanical modelling of 
respiration can also aid in treatment for respiratory diseases such as lung cancer which 
involves reliable prediction of tumour motion during breathing4.  Lung cancer has proven 
to be the deadliest among all cancers.  Radiation therapy is known to be the most 
effective method for treating this disease. However, tumour motion compensation, which 
is required for effective treatment, remains an outstanding concern.  Lung tumour motion 
is generally clinically significant and if not accounted for properly, the effectiveness of 
radiotherapy can degrade considerably.  Common methods for motion compensation 
include image guided techniques and computer assisted techniques such as lung 
biomechanical model based techniques.  During inhalation, the diaphragm muscle 
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contracts while the rib cage expands, leading to generation of the thoracic pressure 
variations associated with diaphragm and lung deformation. Diaphragm motion has been 
shown to function as an anatomic surrogate for lung tumour motion5. Image guided 
motion compensation techniques often use a combination of rigid and non-rigid 
registrations, however due to large deformations and non-physical based assumptions, 
predicted deformation fields can be inaccurate.  Furthermore, image guided techniques 
often require repeated 4D-CT scans in order to estimate tumour motion, which is harmful 
to the patient.  The purpose of this work is to construct a biomechanically accurate FE 
model to capture the deformations of the diaphragm muscle during respiration.  Existing 
FE-models6,7,8,9,10 develop a diaphragm mesh based on image segmentations and assign 
muscle and tendon regions which includes the addition of myofibers according to the 
physiology of the diaphragm muscle in order to contract.  Some models are over 
simplified to treat the muscle like a piston in that contraction forces act only in the 
superior-inferior direction11.  For biomechanical modelling of muscle tissue, important 
features include the geometry, tissue mechanical properties, boundary conditions, and 
loading.  In general, model geometries are attained through segmentation of CT images.  
The mechanics and transverse isotropy are captured using hyperelastic transversely 
isotropic strain energy functions following6: 
 
 
where UI and Uf are the strain energies stored in the isotropic hyperelastic extracellular 
matrix and muscle fiber, respectively.  c and b are material constants, 𝜆𝑓 is the stretch 
ratio in the fiber direction, 𝛾 is the activation level of the muscle which varies from 0 to 
1, α represents the time dependence of the activation and  I1 is the first invariant of the 
Cauchy-Green deformation tensor.  Muscle tissue can be modeled using the well-known 
Hill’s model. The active element in this model leads to the development of internal stress 
leading to contraction of both the passive and active components due to bonding.  The 
(1) 
(2) 
(3) 
(1) 
(2) 
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passive component represents the extracellular matrix and the contractile and elastic 
elements relate to the muscle fibers active and passive mechanics, respectively.  The total 
muscle force F is a sum of the forces in the elements where 
𝐹 = F𝑃𝐸 + F𝐸𝐸 = F𝑃𝐸 + F𝐶𝐸 
PE, EE, and CE represent passive elements, contractile elements, and elastic elements, 
respectively.  The total force corresponds to the nominal stress along the fiber direction.  
The passive stress TPE is usually defined as follows: 
𝑇𝑃𝐸 = 𝑇0
𝑀𝑓𝑃𝐸(𝜆𝑓) 
Where 𝑇0
𝑀 denotes the maximum muscle stress which in turn determines the maximum 
contraction force.  𝜆𝑓 is the stretch ratio in the fiber direction.  𝑓𝑃𝐸 is the passive force-
length relation given by: 
𝑓𝑃𝐸(𝜆𝑓) = 2𝑎𝐴(𝜆𝑓 − 1)𝑒
𝑎(𝜆𝑓−1)
2
, for 𝜆𝑓 > 1 
Where a and A are material constants, and 𝑓𝑃𝐸 = 0 if 𝜆𝑓 is equal to or less than 1.  The 
active stress TCE is given by  
𝑇𝐶𝐸 = 𝑇0
𝑀𝑓𝐶𝐸(𝜆𝑓)𝛼(𝑡)𝛾 
where 𝛾 is the activation level of the muscle from 0 to 1, α represents the time 
dependence of the activation, and 𝑓𝐴𝐸(𝜆𝑓) is the active force-length relation in the active 
element.  According to experimental data from an adult baboon12, the force-length 
relationship of the diaphragm muscle is  
(4) 
(6) 
(5) 
(3) 
(4) 
(6) 
(5) 
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The time dependence of the muscle activation α(t) was fit to experimental data obtained 
from dogs13.  Pato et al. used a similar approach which also mimics the time-dependent 
activation process for the contractile element which is a result of neural excitation9.  The 
first order ordinary differential equation (ODE) was proposed by Pandy et al14.  
Modelling muscle in conjunction with the aforementioned strain energy density equations 
related to the extracellular matrix and muscle fibers, the active and passive stress-strain 
relationship of the muscle can be achieved.  Further to the internal forces generated 
within the diaphragm muscle, abdominal and pleural pressures act on the upper surface of 
the diaphragm and inner surface of the thorax, respectively.  Inner thorax pressure 
variations that occur with normal breathing range from approximately -0.5 to -0.75kPa15.   
Contact forces and pressures acting on the lower surface of the diaphragm are difficult to 
obtain and can be non-uniform due to the presence of organs and friction16.  Abdominal 
pressure variations approximate these forces and have been estimated to range from 0 to 
2kPa.   
Novelties of the proposed technique of modelling the diaphragm include a unique way of 
defining muscle fiber direction according to physiology, the incorporation of 
musculoskeletal Z-disk mechanics which plays an important role in capturing transverse 
isotropy of the tissue, and a micro-to-macro mechanical approach for the model’s 
adaptable mechanical properties.  The skeletal diaphragm model is modelled following 
the Hill’s model where we use an alternate approach of utilizing rebar layers embedded in 
the finite elements.  Rebar layers are used to simulate the fiber bundles within the muscle 
tissue or rather, extracellular matrix.  Rebar layers can be distributed throughout elements 
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with their own associated volume and orientation.  Rebars can have specific mechanical 
properties that are different from the element tissue. Their utility serves to model 
myofiber bundles found in the extracellular matrix of skeletal muscle.  This allows for 
local definition of myofiber direction, generation of myofiber bundle to ECM ratio 
consistent with muscle morphometry, leading to a self-contained anisotropy.  This model 
can be developed and solved within off the shelf FE software packages such as Abaqus 
(Dassault Systèmes Simulia Corp., Providence, RI, USA).  Prestress is applied linearly to 
the rebar in order to simulate contraction forces.  The contraction forces in our diaphragm 
model are optimized in order to predict their magnitudes.  The performance of the model 
for normal respiration is evaluated based on matching geometrical configuration of 
patient’s contracting diaphragms obtained via imaging.  Moreover, the diaphragm is 
considered under the pathological condition of unilateral paralysis in order to study the 
disease and demonstrate the adaptability of the model.   
 
3.2  « Materials and Methods » 
3.2.1 Data Acquisition and Diaphragm Segmentation 
The 3-D CT images used in this study for developing diaphragm models correspond to 
the end exhalation phase of four-dimensional 4-D CT datasets acquired from the thorax 
and abdomen of three cancer patients. The patients were scanned using a 16-slice Philips 
Brilliance Big Bore CT scanner (Philips Medical Systems, Cleveland, United States) 
functioning in helical mode.  Scanning parameters include 120 kVp and 400 mAs∕slice 
for tube potential and current, respectively. The pitch of the couch depends on the 
patient’s breathing period and it was set to approximately 0.1. The intraslice pixel size of 
the data varied from 0.98 to 1.29 mm while superior-inferior slice thickness was 3 mm. 
The 4-D CT images were divided into 10 respiratory phases using real-time position 
management™ system.  
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3.2.2 FEM of the diaphragm 
The development of a patient specific model of the diaphragm muscle began with 
modification and use of a previously developed automatic segmentation algorithm for 4D-
CT images in order to segment the diaphragm volume at end exhalation, which coincides 
with muscle relaxation17.  The diaphragm volume was converted into a mesh with 
hexahedral elements using 3D slicer.  Due to the lack of contrast in the CT images, the 
diaphragm volume was converted into a thin surface based on image information and an 
average diaphragm muscle thickness of approximately 4 mm10,18,19 was considered.  The 
diaphragm was assigned a central tendon region according to average surface area 
measures of approximately 143 cm2 using a trefoil shape positioned slightly anteriorly as 
described in humans20.  The remaining elements serve as to model the diaphragm muscle 
tissue.   
Muscle elements of the diaphragm are modelled according to the well-established Hill’s 
model which contains both an active component and passive component where rebars are 
installed into elements in order to act as myofibers.  The rebars can be prestressed in order 
to simulate the myofibers active contraction while the remaining volume behaves 
passively, much like the extracellular matrix.  Contraction in both components is achieved 
because all parts are bonded and equilibrium is maintained.  When the diaphragm is 
relaxed, myofibers radiate from the central tendon and extend towards the muscles outer 
attachments while following the curvature of the tissue16,21,18,22.  Muscle fibers in outer 
regions run mainly along the craniocaudal axis23.  The crural region is known to have a 
more complex orientation of fibers that allow it to act as a sphincter during specific bodily 
functions, however, for the purpose of modelling normal respiration, detailed modeling of 
that region was not deemed necessary24.  Vectors radiating from the hemidiaphragm dome 
peaks were projected onto the outer surface of each element.  The projections determined 
the direction of rebar installments in order to satisfy the aforementioned physiology of the 
diaphragm muscle.  The percent volume of rebar installed is input according to normal 
measures of myofiber to extracellular matrix ratios found in skeletal muscle25,26.  The final 
component used in modelling the muscle tissue involved the installment of Z-disk regions, 
which according to the tissue model presented in Chapter 2, accounts for the transverse 
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isotropy of the tissue27,28,29.  This was done with embedded elements and using a percentage 
volume according to the diaphragm muscle fiber type composition determined in the 
previously mentioned work.  Figure 1 is a visual representation of how rebar and embedded 
elements were incorporated into finite elements.  Z-disk regions are resolved for each 
element and are embedded transversely to myofibers while having their own associated 
mechanics as previously determined in Chapter 2. 
 
 
Fig. 1. a) shows the Z-disk region as a black plane traversing actin filaments originating 
from adjacent sarcomeres coloured red and blue.  b) shows how the Z-disks were 
modelled using a FE scheme in the proposed model where red rebars can be varied in 
area and number to model myofibers in background tissue. 
The central tendon, rebars, extracellular matrix, and embedded elements each have 
specific mechanical properties assigned.  The central tendon, which is virtually 
inextensible under normal physiological breathing, was modelled as a linear elastic 
material with a Young’s modulus of 33 MPa10,21.  The rebar and ECM parts were 
modelled using the Yeoh hyperelastic model.  Details can be found in Chapter 2.  This 
approach is suitable for large deformations and the intrinsically nonlinear mechanical 
nature of the tissue.  Stress-strain experimental data for skeletal muscle fiber bundles was 
attained from literature which was fitted to the Yeoh model and assigned as rebar 
mechanical properties30.  The element volume surrounding the rebar acts as the ECM.  
This part was initially modelled using a micro-to-macro mechanical approach using a 
cylinder sample containing appropriate amounts of mitochondria, fat, and collagen31.  
The cylinder underwent uniaxial testing in order to generate the stress-strain relation for 
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the modelled ECM, which was also fit to the Yeoh hyperelastic model.  The Z-disks, 
which have been shown to increase lateral stiffness, were assigned mechanical properties 
based on the aforementioned previous work.  The Z-disk properties were optimized such 
that the modelled muscle tissue best matched the transverse isotropy of whole skeletal 
muscle tissue.  The Z-disks were modelled using the Neo-Hookean hyperelastic model 
with a C1 value of 15 MPa.  The volume percentages of each constituent can be modified 
allowing for adaptable mechanics, if specific morphometric information is estimated for 
each patient.  Figure 2 shows the cylindrical and slab models used to model the 
extracellular matrix and whole muscle tissue as per the description given in Chapter 2. 
 
a) 
 
 
  b) 
Fig. 2. FE model of (a) cylindrical sample of ECM part composed of adjustable amounts 
of mitochondrion (green), fat (yellow), and collagen (grey) and (b) slab sample of whole 
skeletal muscle tissue composed of adjustable amounts of ECM (white), muscle fiber 
bundles (blue) and Z-disk elements (black). 
 
The model’s boundary conditions has two major distinct assignments based on 
physiology and information attained via 4D-CT image registrations.  The diaphragm 
muscle attaches inferiorly to the lower ribs, posteriorly to the lower lumbar vertebrae, and 
anteriorly to the xiphoid process.  Nodes found in the lower region closest to the lumbar 
vertebrae were set as fixed, because the spine is rigid throughout respiration.  The 
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remaining inferior nodes attach to the ribs and intercostal muscles which undergo 
significant displacement during respiration.  Respectively, rigid and non-rigid free form 
deformation (FFD) registrations were used to obtain the motion of the ribs and 
surrounding intercostal muscles intersecting with the diaphragm peripheral region from 
end exhalation to end inhalation.  These displacements were then assigned to the nodes of 
the lower periphery of the diaphragm using a nearest a neighbor approach.  Figure 3 
shows the inferior regions on a diaphragm where boundary conditions are applied. 
 
a) 
 
b) 
Fig. 3. The FE mesh is viewed inferiorly. Fixed boundary conditions are assigned to the 
inferior diaphragm highlighted in red a) and displacement boundary conditions assigned 
to peripheral regions highlighted in red b). 
As indicated earlier, the loading in the diaphragm muscle is a result of muscle fiber 
contractions and is modelled based on an extension of the standard Hill’s model for 
muscle6,16.  Contraction forces in the diaphragm are simulated by applying prestresses 
incrementally to the rebar.  Initially, predicting the contraction forces of the diaphragm 
was not considered to be sufficiently accurate because they are variable within a normal 
physiological range of approximately 200-300 kPa32.  Furthermore, patients were elderly 
and some had lung and abdominal tumours tend to effect the functionality of their 
muscle33.  As such, optimization was performed by simulating contraction until a best 
match was found between the contracted model’s surface and the segmented contracted 
diaphragm surface.  Contraction forces were assumed to be distributed uniformly 
throughout the muscle under normal healthy conditions.  Peak vertical displacements in 
each hemi-diaphragm are measured by averaging the vertical displacement including the 
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uppermost nodes corresponding to each dome for each simulation.  The predicted 
displacements are compared to fiducial displacements that correspond to each hemi-
diaphragm dome from end exhalation to end inhalation. 
 
3.2.3 Case Study: Unilateral Paralysis 
As aforementioned, the model should be as adaptable as possible to each patient in order 
to most accurately capture the specific deformation field of their diaphragm.  The model 
is inherently geometrically and mechanically adaptable.  Another avenue to demonstrate 
the model’s adaptability is to model a pathological diaphragm.  Unilateral paralysis is 
selected for modelling due to its increased occurrence in individuals with lung 
cancer34,35,36.  Although most cases of the disease are due to unknown causes, the 
development of tumours in the lung and esophagus have been associated to hemi 
diaphragm paralysis.  The diaphragm is innervated by the left and right phrenic nerves24.  
Tumours that develop adjacent to these nerves can result in loss of signaling which 
ultimately leads to partial or no contraction of the affected side of the diaphragm.  As the 
disease progresses, the affected side of the diaphragm is known to balloon into the lung 
which results in difficulty breathing.  However, the body compensates by increasing the 
contraction forces in the remaining functional side of the diaphragm36.  The irregular 
deformations patterns of the diaphragm and lung can easily be witnessed in 4D-CT scans 
of individuals with the condition.  As a proof of concept, the geometry of a patient with 
unilateral paralysis is simulated by applying tensile forces to rebar in one half of a normal 
patient’s diaphragm in order to simulate ballooning upward of the hemi diaphragm.  This 
balloon occurs mainly along the axis of the muscle fibers because the presence of Z-
discs, which are transversely oriented, are major structural components of the muscle 
tissue.  Generally, the longer an individual has the disease the larger the migration of 
ballooning of the affected hemi-diaphragm occurs.  After producing a new rest state 
geometry, the diaphragm contraction forces are then trained to differ in each half of the 
diaphragm.  Simulation of unilateral paralysis is then performed by maintaining the 
forces in one half of the diaphragm whilst diminishing them in the other.  The severity of 
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the disease is related to the extent of loss of contraction in the affected half of the 
diaphragm, a quantity that has not been determined by other groups. In this study the 
contraction forces in the left hemi-diaphragm were decreased by 25% in each case 
ranging from 75% to 0% of the contraction forces compared to the right hemi-diaphragm 
counterpart. This simulation study is performed for two purposes, firstly to simulate the 
deformation that occurs in a patient with such a condition, and secondly, if CT data was 
attained for a patient with the condition, the severity of the disease could also be 
potentially examined based on the predicted contraction forces and their discrepancies 
related to each hemi-diaphragm dome.   
 
3.3  « Results » 
Figure 4 a) shows the segmentation results of a single diaphragm muscle volume as a 
dark mass whilst overlaid with its corresponding 3D-CT image at end exhalation.  Figure 
4 b) shows the diaphragm muscle after being converted into a FE mesh.  The region 
shown in red corresponds to approximately 143 cm2 and represents the central tendon 
region of the muscle. 
 
 
a) 
 
b) 
Fig. 4. a) shows a diaphragm segmentation overlaid with its corresponding CT images. b) 
shows a top view of the completed FE mesh with the assigned central tendon highlighted 
in red. 
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Figure 5 depicts the muscle fiber/rebar orientations for a single diaphragm model.  
Vectors are resolved for each element of the diaphragm model. 
 
 
Fig. 5. Displays the muscle fiber orientations as a vector plotted for each element of the 
diaphragm. 
 
Figure 6 a) depicts the segmentation results of the ribs and intercostal muscles in yellow 
overlaid with the corresponding diaphragm mesh nodes in blue.     
After rigid and non-rigid registration of the ribs and intercostal muscles, respectively a 
deformation field was attained.  The average displacement of the ribs and intercostals 
from end exhalation to end inhalation within a 1 cm radius for each lower peripheral 
diaphragm mesh node to be displacement was found to be sufficient to provide adequate 
information for the desired prescribed boundary conditions.  Seen from a separate angle, 
Figure 6 b) shows the CT segmentation data that was used for determining the 
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displacements of the corresponding nodes to be displaced based on the predicted 
deformation field. 
 
  
  
Fig. 6. a) Segmentation results of the ribs and intercostals are shown in yellow overlaid 
with the diaphragm mesh nodes in blue.  The points associated with determining the 
lower displacement boundary conditions of the model based on the aforementioned 
registrations are shown in yellow dots relative to the diaphragm mesh nodes in blue b). 
 
Figure 7 a) shows the model’s predicted displacements at end inhalation for one of the 
patients.  Displacements are shown in metres with maximal displacements predicted in 
the left and right hemidiaphragm domes.  Figure 7 b) shows the comparison of the 
contracted diaphragm surfaces at end contraction where the model shown in red and CT 
segmentation in black, respectively.  An iterative closest point (ICP) approach is used for 
comparison of the contracted models surface and the segmented diaphragm at end 
inhalation.  The mean squared error using the ICP method converged to ~2.83 mm for the 
case shown in Figure 7 b).  The contraction forces throughout the diaphragm that gave 
the most accurate result were optimized to approximately 250 kPa.  Peak vertical 
displacement in the model were assessed and found to be 24.22 mm and corresponded to 
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the right hemidiaphragm dome, CT segmentations predicted 25.31 mm displacements in 
this region.   
 
                                     a) 
 
                                    b) 
Fig. 7. The diaphragm displacements at end inhalation contraction are shown in a).  The 
colour map displacements are displayed in metres which shows maximal values of ~2.87 
cm.  b) shows the overlaid contracted mesh surface in red scatter to the contract 
segmented diaphragm surface shown in black.   
 
Figure 8 depicts the manually placed fiducials in the hemidiaphragm dome peaks.  
Fiducials were placed for each case corresponding to end exhalation and end inhalation 
phases.  Overlaying both phases shows the before and after positions of the peaks as a 
result of muscle contraction.  The differences calculated between the fiducials in the 
superior-inferior directions are indicative of the dome peak displacements. 
 
Fig. 8. Shows fiducials that were placed manually on the hemi-diaphragm dome peaks 
for a set of patient 4D-CT data. Images corresponding to end exhalation and end 
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inhalation are shown overlaid.  In some cases, multiple fiducials were placed in the 
approximate peaks of each dome for both aforementioned phases. 
 
Table 1 displays the values of the predicted contraction forces throughout each 
diaphragm model. It also displays the ICP results and compares the models predicted and 
segmentation predicted peak vertical displacements for each hemi-diaphragm dome. 
 
Table 1. shows predicted contraction forces and calculated MSE values between 
simulated and segmented contract diaphragm surfaces for each patient.  Predicted and 
calculated dome peak vertical displacements are shown for each hemi-diaphragm dome. 
 Case 1 Case 2 Case 3 
Contraction forces (kPa) ~250 ~266 ~240 
MSE (mm) 2.86  ~3.21 ~3.08 
Predicted Peak vertical displacement 
of left dome (mm) 
22.4 19.5 18.8 
Peak vertical displacement of fiducials 
of left dome (mm) 
21.3 17.8 18.0 
Predicted Peak vertical displacement 
of right dome (mm) 
24.2 21.1 17.9 
Peak vertical displacement of fiducials 
of right dome (mm) 
25.3 19.6 16.8 
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3.3.1 Case Study: Unilateral Paralysis Results 
Figure 8 a) shows a mesh generated from a single patient.  Figure 8 b) shows the newly 
generated diaphragm geometry after inverting the contraction forces in the left hemi-
diaphragm in order to simulate the “ballooning” affect of the pathological muscle.  
 
 
                               a) 
 
                                      b) 
Fig. 9. The relaxed state geometry is shown in figure a) and figure b) shows the simulated 
pathological diaphragm rest state configuration.  Note the slight elevation of the left 
hemi-diaphragm in panel b) compared to that of panel a). 
 
 
 
                                   a) 
 
                                b) 
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                                  c) 
 
                                 d) 
Fig. 10. Simulations were performed according to increasing severity of the disease.  
From a) to d) the contraction forces in the left hemi-diaphragm were decreased by 25% in 
each case ranging from 75% to 0% of the contraction forces compared to the right hemi-
diaphragm counterpart. 
 
3.4  « Discussion » 
In order to simulate the diaphragm motion we modelled the diaphragm muscle using a 
continuum mechanics approach while considering muscle contractions and displacement 
boundary conditions.  The Hill-type approach used captured transverse isotropy and used 
hyperelastic models to contract the modelled muscle tissue along the direction of muscle 
fiber installations at the resolution of the mesh elements.  Mesh convergence analysis was 
performed using 3, 4, and 5 mm hexahedral elements in the diaphragm models and no 
tangible differences were seen.  The motion produced was representative of physiological 
motion seen in-vivo for the diaphragm muscle.  Our major focuses include validating the 
displacement fields produced by the model and to explore the adaptability of the model 
for normal and pathological diaphragms in addition to obtain an estimate of in vivo 
contraction forces generated in the diaphragm of lung cancer patients. The colourmap 
seen in Figure 7 a) shows that maximal displacements in the model coincide reasonably 
well with the apices of the left and right hemi-diaphragm domes, which agrees with in 
vivo behaviour. This agreement is further consolidated based on the MSE and peak 
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vertical displacement values presented in Table 1.  One feature that should be included in 
the model is the aforementioned trans-diaphragmatic pressures related to the upper and 
lower diaphragm surfaces.  Relatively small negative pressures are applied to the bottom 
surface of lung during inspiration while organs below the diaphragm generate a net 
positive pressure beneath the diaphragm surface15. 
The diaphragm muscle is not visible or easily accessible from outside the body, therefore 
studying the diaphragm and its deformations requires 3D medical images.  The model 
geometries in this study were obtained using CT images.  Satisfying 3D reconstructions 
of the diaphragm have been shown with similar results in both CT and MRI7,37,38,39.  CT 
images generally have higher resolution and are more readily available, especially in 
conjunction with lung cancer treatment38.  Algorithms for automatic and semi-automatic 
diaphragm segmentation are more readily available for CT images.  Despite some 
contrast advantages of MRI, the contrast at the region of interest related to the lung-
diaphragm interface is sufficiently high, aiding in both segmentation and validation. 
The advent of hyperelasticity in our model is considered important because the 
diaphragm muscle undergoes large deformations during contraction while its tissue 
mechanics are intrinsically nonlinear.  The model’s mechanical characterizations were 
made based on a validated micro-to-macro mechanical approach for skeletal muscle 
tissue modelling.  The model is therefore, adaptable to pathological conditions where 
tissue microstructural changes lead to mechanical alterations40,41,42.  Incorporating stiffer 
Z-disk regions into the diaphragm FE model allowed for the capture of the transverse 
isotropy of skeletal muscle tissue as discovered in previous works.  Our simulations 
assumed a uniform distribution of contraction forces throughout the diaphragm which is 
accurate for normal healthy breathing43,24,35,34.  Furthermore, the act of rib cage expansion 
serves to elongate the muscle during contraction, which promotes isometric muscle 
contraction leading to a more consistent force output.  The contraction forces we 
determined fell within the range of human physiological values44.  It is noteworthy that 
the patients in this study were elderly and may have lung cancer, resulting in weakening 
of the diaphragm muscle.  The diaphragm muscle thickness was assigned based on 
average measures for a human, however in reality there is variability in the muscle 
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thickness from patient to patient.  For example, patients with chronic obstructive 
pulmonary disease (COPD) commonly experience diaphragm muscle thinning20.  It is 
reasonable to expect that the predicted contraction forces in the diaphragm may have 
inaccuracies due to improper estimates of muscle thickness and muscle fiber content.  
Muscle fiber content in our model is related to the rebar to ECM ratio for the elements.  
Better imaging quality and processing would lead to more accurate patient specific 
measures for the muscle thickness, and morphometric analysis could aid in more 
accurately determining the myofiber to ECM content.  
One major reason for the development of a diaphragm biomechanical model is to 
compensate for the potential inaccuracies of non-rigid registration of the diaphragm 
muscle.  Low contrast CT images and non-physiologically based assumptions make 
diaphragm muscle registration difficult to perform and validate appropriately.  The 
boundary conditions for our model, which more specifically are the prescribed boundary 
conditions at the inferior borders of the mesh, are done using registration.  The rigid 
registration portion pertaining to the ribs could be considered a strength for our model 
because of the high rigidity of the ribs which facilitates accurate affine rib registrations 
used for determining such displacement boundary conditions. As such, it is anticipated 
that integrating the proposed model to a lung biomechanical model may potentially lead 
to a more reliable model for tumor motion prediction and consequently more favorable 
lung cancer EBRT outcome. 
3.4.1 Case Study: Unilateral Paralysis  
Pathologies such as hemi-diaphragm paralysis lead to a near loss of contraction in one 
half of the diaphragm and sometimes, increased contraction in the counterpart via natural 
compensation. The model was tuned to capture this condition to study the physical 
behaviour of the disease. This case study was considered for two main reason: to 
demonstrate the potential for patient specificity when building a model, and to aid in 
potential diagnosis of the disease.  In its current state, the disease is difficult to diagnosis 
and is often done based on qualitative analysis using respiratory imaging techniques.  We 
believe that our technique could not only model this pathology but also predict the 
72 
 
severity of the disease.  Unilateral paralysis is often associated with the development of 
tumours that compensate the neural activation of the left or right phrenic nerve35, so its 
diagnosis may be critical.  In the future, attaining 4D-CT images of this disease would be 
of great interest to utilize for the development of a diaphragm biomechanical model. 
 
3.5  « Conclusions » 
A FEM for the simulation and quantification of diaphragm muscle motion was developed 
for the purpose that it may be used to enhance the accuracy of lung tumour tracking in 
EBRT.  Further refinement and application of the model to numerous patients is ongoing 
to explore its efficacy.  The model may prove useful for the incorporation into respiratory 
models to aid in diagnosis and treatment of diseases such as lung cancer. It may also be 
useful for diagnosis and treatment of cancers of other organs that are adjacent to the 
diaphragm (e.g. liver). The model may also be valuable in procedures such as attenuation 
correcting of the diaphragm for cardiac imaging. The model can be generated in a patient 
specific manner using 4D-CT images and its adaptability can serve for both normal and 
pathological diaphragms.  Z-disk structures and a Hill’s-type approach for skeletal 
muscle modelling capture the transversely isotropic and non-linear mechanics of the 
tissue and allow for simulation and estimation of the diaphragm contraction forces.  
Unilateral paralysis was simulated to further demonstrate the adaptability of the model 
and may prove useful for quantifying the severity of the disease, provided further testing 
is performed.  Overall, the model has proven capable of simulating the physiological 
motion of the diaphragm muscle with discrepancies on the order of millimetres.   
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Chapter 4  
4 « Summary, Conclusions, and Future Work» 
4.1 « Summary» 
The overall goal of this thesis was to develop a biomechanically accurate model of the 
human diaphragm muscle capable of accurately predicting its displacement and stress 
distribution throughout respiration.  The purpose of the model is to gain insight into the 
muscle physiology, pathology, and potentially aid in diagnosis and treatment of respiratory 
related diseases.  Two levels of biomechanical modelling pertaining to the diaphragm were 
tackled through the investigations presented in this thesis.  The first involved developing a 
framework to characterize the intrinsic mechanical properties of the diaphragm skeletal 
muscle tissue based on its microstructure under normal and pathological conditions.  The 
second level involved building patient specific models of the diaphragm muscle in healthy 
and diseased states.  
 
4.2 « Chapter 2: A Micro to Macro Mechanical Approach for 
Skeletal Muscle Tissue Mechanical Characterization» 
A novel approach for characterizing skeletal muscle tissue mechanics under normal and 
potential pathological conditions was proposed in this chapter.  The major goal of this 
chapter was to capture the overall passive mechanics of skeletal muscle tissue geared 
towards the diaphragm muscle.  Hyperelasticity and transverse isotropy were modelled 
through using rebars mimicking myofibers that are oriented within the tissue model in 
accordance with the known myofiber orientation in the diaphragm. The proposed model 
also captures the variable stiffness of the diaphragm across myofiber direction. This was 
accomplished by incorporating optimized Z-disk mechanics in the model.  As seen in 
Chapter 1, the diaphragm is a skeletal muscle and has a sophisticated microstructure 
including various constituents such as myofibers, collagen fibers, mitochondria, fat, and Z-
disks.  The approach is based on the muscle tissue composition and organization of its 
microstrucutural components and their associated mechanics.  The major parts that were 
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considered for the model’s approach include: 1) the extracellular matrix (background 
tissue) including collagen, mitochondria, and fat; 2) the myofibril bundles, and 3) the Z-
disk structures.  The tissue constituents were chosen based on morphological studies 
available in the literature.  Variations on the volume percentages and constituent mechanics 
were considered in accordance with physiology and pathology to determine the skeletal 
muscle tissue intrinsic mechanics.  To achieve the proposed model, FE tissue samples were 
constructed for modelling of the background and whole tissue by distributing the tissue 
constituents throughout sample volumes with their associated mechanical properties.  The 
FE models developed were used to simulate uniaxial tests to obtain related stress-strain 
data.  The first step involved quantification of the skeletal muscle tissue constituents 
pertaining to the background (ECM) and myofiber bundles using hyperelastic fittings or 
parameters attained through literature review.  The background tissue was modelled as a 
cylindrical specimen which underwent simulated uniaxial testing in order to characterize 
its overall behavior, using a Yeoh hyperelastic fitting.  Next, a self-contained anisotropic 
hyperelastic composite model of the whole skeletal muscle tissue consisting of 
background, myofiber bundle, and Z-disk parts was constructed for simulated uniaxial 
testing along and across the myofiber directions.  Z-disk structures were incorporated 
because of their known structural rigidity where their micro mechanics were optimized 
such that the whole tissue mechanics were found to best match the overall transversely 
isotropic mechanics of the whole tissue, according to experimental data in the literature.   
The approach was applied for normal skeletal muscle tissue in order to model the stress-
strain relationship along and across fiber directions in order to give good agreement to 
experimental trends reported in the literature.  A sensitivity analysis was developed and 
performed to assess variations in the tissue stress-strain relationship related to the volume 
percentages of each constituent.  As predicted, the tissue is most sensitive to volumetric 
changes with respect to collagen.  Pathological changes were also considered with respect 
to micro mechanical alterations of constituents such as the myofiber bundles.  This sought 
insight into the importance of morphometric analysis and characterization of the micro 
mechanics of tissue constituents.  The FE muscle tissue model mechanics were compared 
to an existing transversely isotropic hyperelastic mathematical model in order to generate 
parameters specific to our model’s mechanical behavior along and across fiber directions.  
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Overall, Chapter 2 was an important step towards the next phase of the project which 
required appropriate mechanical modelling of the diaphragm skeletal muscle tissue. 
 
4.3 « Chapter 3: Micromechanics Based Modelling of in-
vivo Respiratory Motion of the Diaphragm Muscle » 
In this chapter, a biomechanical model for the human diaphragm muscle was presented.  
Semi-automatic segmentation of 4D-CT images at end exhalation was performed for 
diaphragm muscles of three patient selected randomly.  They were then converted into thin 
FE meshes to achieve each patient specific diaphragm geometry.  A relatively stiff central 
tendon region was defined according to the literature.  The model’s mechanics was devised 
based on a micro to macro mechanical approach for skeletal muscle tissue.  A Hill’s model 
type composite material approach was used which included background tissue (ECM), 
reinforcement rebars (myofiber bundles), and Z-disk regions.  The two major parts of the 
Hill’s-type material model include the mechanically active/passive myofibril part and the 
passive background part.  The myofibers were distributed throughout the elements of the 
FE model of the diaphragm such that their directions were consistent with the fibrous 
structure of the diaphragm anatomy based on a radial pattern presented in the literature.  
The model’s boundary conditions were fixed at the spine and were also based on rigid and 
non-rigid image registrations of the patients ribs and intercostal muscles intersecting with 
the diaphragm, respectively.  Image registrations were performed from end exhalation to 
end inhalation and displacements boundary conditions were applied to the inferior borders 
of the diaphragm to capture rib cage expansion.  The transversely isotropic hyperelastic 
model was implemented using nonlinear FE analysis.  Prestresses were applied 
incrementally to rebars in order to simulate muscular contraction and the contraction forces 
applied were optimized such that the contracted model’s configuration best matched the 
corresponding segmentation of the 4D-CT image at end inhalation.  The predicted 
contraction forces fell within possible physiological values.  The performance of the model 
was assessed based on an iterative closest point approach in order to compare the model’s 
contracted surface to its observed counterpart obtained through segmenting the diaphragm 
in the contracted configuration.  Displacements of a set of anatomical fiducials were also 
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evaluated for each hemi-diaphragm dome and compared to their counterparts in the 
manually segmented diaphragm surfaces.  Overall, the physiological motion showed good 
qualitative and quantitative agreement with normal in-vivo behavior.  The diaphragm was 
considered under the pathological condition of unilateral paralysis for the interest of 
potential future works, aid in diagnosis, and demonstration of the adaptability of the model 
to potential unilateral paralysis patients.   
 
4.4 « Conclusions and Future Directions» 
Results presented in this thesis indicate that the biomechanical model of the diaphragm 
developed was capable of simulating the physiological motion seen during in-vivo 
respiration.  The adaptability of the muscle tissue modelling, and diaphragm model also 
promote their utility towards characterizing skeletal muscle tissue and the potential for 
patient specific modelling.  The results are encouraging, only three patient specific 
diaphragm models were developed making the sensitivity of the model to anatomical 
changes difficult to assess.  Some key points that would lead to improvements of the model 
include: 1) improved segmentation techniques allowing for more geometrically accurate 
patient specific models and improved validation; 2) improved morphometric analysis 
techniques in order to better characterize the muscle tissue mechanics based on its 
composition; 3) increasing the resolution of the meshes in order to more finely resolve 
muscle fiber installations, and 4) better understanding the anatomy and physiology of the 
diaphragm muscle.  In the future, applying our model to more patients including patients 
with unilateral paralysis would be of great interest to further assess the robustness of the 
model.  Incorporating this model into respiratory models would also be of interest as it has 
a good potential to assist in simulating respiration allowing for further insight into 
diagnosis and the potential for aid in treatment of respiratory diseases such as lung cancer.   
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